Electrospinning has recently gained much interest due to its ability to form scaffolds that mimic the nanofibrous nature of the extracellular matrix, such as the size and depth-dependent alignment of collagen fibers within hyaline cartilage. While much progress has been made in developing bulk, isotropic hydrogels for tissue engineering and understanding how the microenvironment of such scaffolds affects cell response, these effects have not been extensively studied in a nanofibrous system. Here, we show that the mechanics (through intrafiber crosslink density) and adhesivity (through RGD density) of electrospun hyaluronic acid (HA) fibers significantly affect human mesenchymal stem cell (hMSC) interactions and gene expression. Specifically, hMSC spreading, proliferation, and focal adhesion formation were dependent on RGD density, but not on the range of fiber mechanics investigated. Moreover, traction-mediated fiber displacements generally increased with more adhesive fibers. The expression of chondrogenic markers, unlike trends in cell spreading and cytoskeletal organization, was influenced by both fiber mechanics and adhesivity, in which softer fibers and lower RGD densities generally enhanced chondrogenesis. This work not only reveals concurrent effects of mechanics and adhesivity in a fibrous context, but also highlights fibrous HA hydrogels as a promising scaffold for future cartilage repair strategies.
Introduction
Mesenchymal stem cells (MSCs) are commonly used in tissue engineering applications due to their availability, ability to expand, and capacity to differentiate into multiple cell types. It is now widely appreciated that features of the extracellular matrix microenvironment are influential in directing MSC response [1, 2] . Two key parameters are matrix mechanics and cellular adhesivity, which have been thoroughly investigated using non-fibrous hydrogels. For example, the elastic modulus of hydrogels presented either as flat, two-dimensional substrates [3, 4] or as encapsulating, three-dimensional environments [5] have been shown to dictate stem cell fate. Likewise, the degree of cellular adhesion to the environment (e.g., through changes in ligand density) regulates integrin clustering, cytoskeletal organization, overall morphology, and, specifically in the case of stem cells, differentiation [5e8] . Moreover, RGD density has been shown to influence both chondrogenesis and osteogenesis in alginate hydrogels without significant changes to cell morphology [9, 10] . Although studies focusing on either matrix mechanics or integrin binding have demonstrated that each have profound effects on cytoskeletal organization, focal adhesions, and MSC differentiation, the extent to which they act synergistically is less clear [11] .
An important clinical application for MSCs under widespread investigation is cartilage repair. Mature hyaline cartilage is avascular and alymphatic, with cells comprising only about 5% of the tissue volume [12] . As a result, trauma or injury to articular cartilage usually leads to progressive tissue degeneration and eventual depletion of healthy cartilage, which can induce pain and discomfort. Current clinical methods to repair defective cartilage are limited in their ability to regenerate functional cartilage both in terms of composition and mechanics [13] . Due to these shortcomings, recent research has focused on the use of tissue engineering approaches to repair cartilage tissue. Particular attention has been given to isotropic, non-fibrous hydrogels as cell carriers due to their high water content and potential for injection into defect sites. MSCs are a common cell source for cartilage tissue engineering strategies, and many groups have tuned hydrogel properties to best support MSC chondrogenesis. Specifically, MSC shape and cytoskeletal organization have been shown to significantly regulate chondrogenesis [14, 15] and higher RGD densities negatively affected MSC chondrogenesis in a non-fibrous, bulk hydrogel context [10, 16] . However, even with significant advances in hydrogel development, these systems lack the depth-dependent, complex mechanical properties of native cartilage [17] , motivating the development of additional scaffold approaches.
As an alternative to hydrogels, electrospinning of materials into fibrous scaffolds is gaining interest in cartilage repair due to their ability to mimic the nanofibrous nature of the extracellular matrix, as well as their ability to direct matrix organization [18] . Fibers composed of polycaprolactone (PCL), one of the most commonly used materials in electrospinning systems, have been shown to support not only cell infiltration (with the incorporation of sacrificial fibers or orbital shaking) [19, 20] , but also MSC chondrogenesis [21e23]. Other electrospun polymers that have been used for chondrogenesis include poly(lactic co-glycolic acid), poly(L-lactic acid), poly(vinyl alcohol), and chitosan [24e27] . Despite the promise of electrospun scaffolds in cartilage repair, the majority of studies examining the effects of fiber properties on MSC chondrogenesis have focused on the effects of fiber diameter [26, 28] . Recently, a study with coreeshell poly(ether sulfone)-PCL electrospun fibers, in which all material variables were held constant except for mechanics, indicated that lower fiber mechanics increased chondrogenesis of embryonic mesenchymal progenitors [29] , further motivating investigation of the influence of fiber parameters on MSC chondrogenesis.
Here, we investigate the chondrogenic differentiation of MSCs on electrospun hyaluronic acid (HA) substrates. HA is an attractive material for cartilage repair applications due to its biological significance; it is involved in many cellular processes including proliferation, morphogenesis, inflammation, and wound repair [30, 31] . HA is also important during cartilage development and is differentially regulated during limb bud formation and mesenchymal cell condensation [32] . In direct comparison to PEG hydrogels, HA hydrogels enabled more robust hMSC chondrogenesis and cartilaginous matrix formation both in vitro and in vivo [33] . Finally, HA is synthetically versatile; methacrylate groups can easily be conjugated to the HA backbone through the hydroxyl groups, and the resulting methacrylated HA (MeHA) is photocrosslinkable [30, 34] . Specifically, electrospun MeHA can be crosslinked into celladhesive fibers [35, 36] , and fibrous MeHA scaffolds offer tunable control over mechanics (through the extent of HA modification) and cell adhesivity (through the amount of conjugated RGD). The objective of this work was to understand how variations in these parameters, in the context of a swollen fibrous system, influence hMSC interactions and chondrogenesis.
Materials and methods

Macromer synthesis and scaffold fabrication
MeHA was synthesized as in Ref. [34] , with either w35 or w100% of the primary hydroxyl groups modified with methacrylates. Briefly, 300 mL of a 1% w/v solution of HA (Lifecore, 64 kDa) was reacted on ice with either 0.67 mL (for 35% modified) or 2.23 mL (for 100% modified) methacrylic anhydride (Sigma) with maintenance of pH at w7.5e9 for 1.5 days. The products were then dialyzed for 72 h, lyophilized, and the extent of modification was determined with 1 H NMR (Bruker). Cysteinecontaining RGD peptides (GCGYGRGDSPG, Genscript) were conjugated to MeHA via Michael addition between thiols on the peptides and methacrylates on MeHA. For RGD conjugation, MeHA was dissolved at a final concentration of 2% w/v in a pH 8 triethanolamine buffer (Sigma). RGD was added to this solution at varying concentrations (0.3 mM for "low", 1 mM for "medium", or 3 mM for "high"), and the solution was reacted overnight at 37 C, dialyzed for 48 h, and lyophilized.
MeHA solutions for electrospinning were composed of 4% w/v MeHA, 2% w/v poly(ethylene oxide) (PEO, Sigma, 900 kDa), and 0.5% w/v Irgacure 2959 in deionized water. To electrospin (schematic in Fig. 1A) , a syringe was connected to a 12 00 long 18G blunt-ended needle positioned 14 cm away from a grounded aluminum mandrel. Using a high voltage power source (Gamma High Voltage Research) and a syringe pump (KD Scientific), the potential difference between the needle and mandrel was adjusted to þ21 kV and the solution flow rate was set to a 1.0 mL/h. After collection, electrospun fibers were purged under nitrogen and then crosslinked for 10 min with 10 mW/cm 2 UV light (320e390 nm collimated, Omnicure S1000 UV Spot Cure Systems). Prior to mechanical testing or cell seeding, samples were swollen in PBS at 37 C for 24e48 h.
Scaffold imaging and fiber diameter measurements
To measure the diameters of MeHA fibers, samples were electrospun onto foil or methacrylated glass coverslips for dry and swollen measurements, respectively. Glass coverslips were methacrylated as in Ref. [37] . Briefly, 22 Â 22 mm coverslips were plasma coated for 3 min to activate the surface, 100 mL of 3-(trimethoxysilyl)
propyl methacrylate (Sigma) was applied to the coverslip surface, and the samples were incubated for 1 h at 100 C followed by 10 min at 110 C. After electrospinning, samples were crosslinked as described and analyzed in both dry and swollen states. Dry fibers were imaged using scanning electron microscopy (SEM, JEOL 7500F HRSEM, Penn Regional Nanotechnology Facility). To visualize swollen fibers under confocal microscopy, a methacrylated rhodamine dye (MeRho, Polysciences) was incorporated prior to electrospinning. Samples were swollen in PBS for 48 h at 37 C and imaged using confocal microscopy (Zeiss Axioobserver Inverted microscope, Penn CDB Microscopy Core). Fiber diameters (n ¼ 4, 30e40 fibers measured per sample) were measured from the resulting SEM and confocal images for dry and swollen fibers, respectively, using ImageJ (NIH).
Mechanical testing of single fibers and bulk fibrous hydrogels
In order to measure the moduli of single fibers using atomic force microscopy (AFM), the three-point bending method on single fibers outlined by Tan et al. was adapted [38] . PDMS troughs were fabricated with both a height and trough width of 200 mm (schematic in Fig. 2A ) and methacrylated using a modified version of the glass methacrylation protocol described previously. The methacrylated PDMS troughs were then attached to the grounded mandrel parallel to the long axis, and 35% modified and 100% modified MeHA macromers either without RGD or with the highest RGD density (i.e., 3 mM during conjugation) were electrospun onto the troughs. The mandrel was rotating at a speed of 10 m/s during collection to align the fibers perpendicular to the troughs. For fluorescence imaging, MeRho was again incorporated into the solutions prior to electrospinning, and the samples were imaged using a fluorescence microscope. For AFM testing, samples were crosslinked as described before and swollen in a 1% w/v black fabric dye (RIT) solution overnight for visualization under brightfield. Contact-mode AFM (Asylum MFP-3D, University of Pennsylvania Nano/Bio Interface Center) was then performed using a 25 mm, silicon bead AFM tip with a spring constant of 0.06 N/m (Novascan). Only single fibers perpendicular to the direction of the troughs were measured, as differences in fiber angle or testing multiple fibers at once would confound the measurements. Images were taken of each trough to measure the distance between trough edges, and the average fiber diameter was used to calculate the modulus of each fiber. A total of 10e12 fibers per condition were measured. The force and displacement (d) measurements were then used to calculate the modulus of the fibers based on the equations used in Tan et al. [38] .
For mechanical testing of bulk, fibrous hydrogels, both 35% modified and 100% modified MeHA were electrospun for 4 h. After crosslinking, fibrous mats were trimmed to create samples 4 mm in diameter, and samples were swollen in PBS at 37 C for 24 h prior to testing. Unconfined compression testing was performed on swollen samples using a dynamic mechanical analyzer (Q800 TA Instruments) at a strain rate of 10%/min, and moduli were calculated at a strain from 10% to 20% (n ¼ 4e6).
Cell seeding and assessment of spreading, proliferation, and focal adhesion formation
For in vitro studies, fibers were collected onto methacrylated glass coverslips, crosslinked, and swollen as described above. Both 35% and 100% modified MeHA macromers were electrospun with varying amounts of RGD (0.3, 1, and 3 mM during peptide conjugation). hMSCs were seeded onto the fibrous scaffolds in growth media (a-MEM with 20% FBS, 1% L-glutamine, and 1Â penicillin/streptomycin) by direct addition of the cell suspension onto the fibrous sample and subsequent overnight incubation. For assessment of cell spreading, proliferation, and focal adhesion formation, hMSCs were seeded onto the scaffolds at a density of 15, 20, or 25 thousand cells per cm 2 corresponding to the high (3 mM), medium (1 mM), and low (0.3 mM) RGD density groups, respectively. The varied cell densities were used based on differential initial cell adhesion, to obtain comparable initial cell numbers between groups. After overnight incubation, cell-seeded scaffolds were cultured in chemically-defined chondrogenic differentiation media (CMþ) consisting of high glucose DMEM with 1Â penicillin/streptomycin, 0.1 mM dexamethasone, 50 mg/ml ascorbate 2-phosphate, 40 mg/ml L-proline, 100 mg/ml sodium pyruvate, 1Â ITSþ (6.25 mg/ml insulin, 6.25 mg/ml transferrin, 6.25 ng/ml selenous acid, 1.25 mg/ml bovine serum albumin, and 5.35 mg/ml linoleic acid), and 10 ng/mL TGF-b3 (R&D Systems). After 1, 7, and 14 days of culture, samples were fixed in 4% phosphatebuffered formalin and stained for actin cytoskeleton (phalloidin), nuclei (DAPI), and vinculin (primary monoclonal mouse anti-human vinculin, Sigma, and secondary FITC-conjugated goat anti-mouse, Invitrogen) (n ¼ 4). Cell areas and proliferation were determined (>100 cells per condition) with ImageJ using the actin and DAPI staining, respectively.
Chondrogenic gene expression
For gene expression studies, fibers were collected onto methacrylated PDMS (to allow for samples with larger areas, and subsequently, a greater number of cells per sample). hMSCs were seeded onto these fibrous scaffolds at the same cell densities stated above and cultured in CMþ. After 14 days of culture, the samples were rinsed with PBS and scraped off the underlying PDMS into 1.5 mL Eppendorf tubes containing Trizol reagent (Invitrogen). The samples were manually homogenized, and RNA was extracted using manufacturer's instructions. RNA concentration was determined using an ND-1000 spectrophotometer (Nanodrop Technologies). After 1 mg of RNA from each sample was reverse transcribed, PCR was performed on an Applied Biosystems 7300 Real-Time PCR system (n ¼ 4). Relative gene expression for Type I collagen, Type II collagen, aggrecan, and sox-9 was calculated using the DDC T method with GAPDH as a housekeeping gene. Sequences used for primers and probes can be found in Ref. [39] .
Analysis of cell-induced bead displacements
For bead displacement studies, fluorescent polystyrene beads (Suncoast Yellow and Yellow Green, Bangs Laboratories) were incorporated into the macromer solutions prior to electrospinning. Samples were electrospun onto methacrylated circular coverslips. After crosslinking and swelling of the samples overnight, hMSCs were seeded at a density of 1000, 2000, or 4000 cells/cm 2 corresponding to the high, medium, and low RGD density groups, respectively, as described above. Bead displacements were measured after 24 h using an adaptation of the method described by Legant et al. [40] . Briefly, after overnight culture in growth media, cells were stained with calcein AM (Invitrogen), and the samples were transferred to an Attofluor Ò Cell Chamber (Invitrogen) and maintained at 37 C and 5% CO 2 during imaging. Confocal microscopy was used to obtain z-stacks of the cells and surrounding fluorescent beads before and after cell lysis, induced by the addition of 5% w/v SDS. Samples were allowed to equilibrate after SDS addition for 20e30 min prior to imaging. Tecplot, Hypermesh, and MATLAB were then used to quantify bead displacements from resulting z-stacks. Bead displacements were sorted by distance from the cell boundary, and the displacements of beads 15 mm or closer to the cell were included in the average (n ¼ 10e12).
Statistical analysis
For comparison of two groups, a student's t-test with a p-value of 0.05 was used to measure statistical significance. For analyses with more than one comparison, a one-way ANOVA was performed followed by a Bonferroni post hoc test. For graphs and text, values are reported as mean AE standard error.
Results
MeHA fibrous scaffold fabrication and characterization
Both 35% and 100% modified MeHA macromers were synthesized, conjugated with RGD, electrospun, and crosslinked successfully into fibrous scaffolds (Fig. 1) . Fiber morphology was consistent throughout all studies, with no apparent beading or spraying observed in SEM or confocal images. Fiber diameters of dry fibers were 186 AE 7 nm for 35% modified MeHA and 177 AE 6 nm for 100% modified MeHA, with a notable increase in fiber diameter upon swelling to 601 AE 36 and 744 AE 45 nm for 100% and 35% modified MeHA, respectively (Fig. 1B) . The fiber diameters of swollen scaffolds were constant and did not change over 14 days incubation in PBS (data not shown), indicating that nearly all swelling occurred during the first 24 h. Based on initial sample weight and volumetric swelling ratios (data not shown) and assuming a homogeneous network, the overall RGD densities within the swollen, fibrous scaffolds were estimated to be 0.27 mM, 0.90 mM, and 2.7 mM for the "low", "medium", and "high" RGD groups. These estimates are based on the overall scaffold volume (i.e., including the void spaces between fibers), although RGD is localized to the fibers.
To mechanically characterize the MeHA fibers, both 35% modified and 100% modified MeHA solutions were electrospun onto PDMS troughs and clearly visualized with fluorescence microscopy, as shown in Fig. 2B . The average trough length was much greater than the diameter of the bead tip, fulfilling a necessary condition for the validity of the model [38] . Most fibers were perpendicular to the PDMS troughs, which was achieved through the high rotating speed of the grounded mandrel. The resulting bending moduli for fibers without RGD were 1.06 AE 0.06 and 8.60 AE 1.18 GPa for 35% modified and 100% modified MeHA fibers, respectively (Fig. 2C) . For single fibers of the same % modification, there were no significant differences in bending moduli between fibers without RGD and fibers with the highest RGD density (1.17 AE 0.29 and 7.29 AE 1.11 GPa for 35% modified and 100% modified MeHA, respectively). Bulk compressive moduli were generally much lower than bending moduli of single fibers, with values of 2.53 AE 0.25 kPa for 35% modified fibrous samples and 3.46 AE 0.12 kPa for 100% modified fibrous samples (Fig. 2D ). The differences in both single fiber bending moduli and bulk compressive moduli were statistically significant between 35% modified and 100% modified MeHA fibers, and here forward, the 35% and 100% modified MeHA conditions are referred to as 'soft' and 'stiff', respectively.
hMSC adhesion, spreading, and proliferation on fibers
When hMSCs were seeded onto fibrous MeHA scaffolds of varying fiber mechanics and RGD densities, initial adhesion (i.e., the number of cells that were adhered 24 h after seeding) was dependent on both the cell seeding density and RGD density (data not shown). With the same cell seeding density of 15 fibers, respectively). For this reason, cell seeding densities were modified to account for differences in initial adhesion in order to begin all in vitro studies (with the exception of fiber displacement studies) with a similar cell density across all groups. Over 14 days of culture in CMþ, hMSCs increased in spread area on higher RGD density scaffolds (Fig. 3) . Histograms of cell area (quantified after 24 h of culture) were normalized to the total number of measurements per condition and reported as a % of total cells (Fig. 4A) . As observed in the actin-stained images, the average cell area increased with increasing RGD density for both fiber moduli. hMSCs seeded on scaffolds with low RGD density were uniformly less spread, whereas hMSCs on the high RGD groups exhibited greater average spread areas, as well as greater variance in spreading. There were no significant differences in cell spreading between hMSCs on soft and on stiff fibers when presented the same RGD density. Multicellular aggregates were more apparent with longer incubation times and higher RGD densities. Proliferation was determined by quantifying the density of cell nuclei at each time point relative to day one values for each group. Thus, a value less than 1 signifies a decrease in cell density with time, whereas a value greater than 1 signifies an increase in cell density with time. Proliferation was dependent on RGD density; the cell populations corresponding to the two higher RGD densities exhibited significant increases in proliferation relative to the lowest RGD density (Fig. 4B) . However, hMSC proliferation was relatively similar when the fiber mechanics were changed, with the exception of a significant increase due to modulus at the highest RGD density after 7 days of culture. Nonetheless, it is important to note that proliferation was overall limited, as no groups reached a normalized proliferation index of 2 (i.e., cell doubling) after 14 days of culture even with the highest amount of RGD. Vinculin organization after 24 h followed expected trends based on cell spreading, with more numerous vinculin-rich adhesions near the cell periphery of well-spread cells (higher RGD densities) and more diffuse organization in rounded cells (lower RGD densities) (Fig. 5 ). There were no discernible differences in vinculin organization between groups with different mechanics and the same RGD density and this trend persisted throughout the 14 days of culture in CMþ (data not shown). 
hMSC chondrogenesis
In contrast to hMSC spreading, proliferation, and focal adhesion formation, which were all unaffected by changes in the fiber mechanics investigated, hMSC gene expression after 14 days of culture in CMþ was dependent on both fiber mechanics and RGD density (Fig. 6) . Type II collagen, aggrecan, and sox-9 are markers for chondrogenic differentiation, whereas Type I collagen indicates transformation to a more fibrotic phenotype. Gene expression profiles were determined using the DDC T method normalized to GAPDH expression. RGD density had a profound effect on hMSC gene expression profiles. For instance, the lowest RGD density, soft fiber group resulted in a 405k-, 6.66-, and 3.58-fold increase in gene expression of Type II collagen, aggrecan, and sox-9, respectively, whereas the highest RGD, soft fiber group resulted in a 233-fold increase in Type II collagen and a decrease in both aggrecan and sox-9 (values of 0.94 and 0.23, respectively). Although the dependence of hMSC gene expression on fiber mechanics was not as pronounced as that of RGD density, chondrogenic gene expression was consistently higher with soft fibers when compared to stiff fibers, and this difference was statistically significant for aggrecan at the lowest RGD density. Additionally, Type I collagen was consistently up-regulated with stiff fibers when compared to soft fibers, although the differences were not statistically significant.
hMSC-induced bead displacements
An indirect method to evaluate cell-mediated traction forces was used to assess whether hMSCs displaced fibers. Average bead displacements were calculated based on confocal z-stacks of fluorescent beads before and after cell lysis; bead displacements can serve as a proxy for traction forces across different RGD densities as long as fiber mechanics are held constant. Contraction-mediated bead displacements, and thus presumably traction forces, generally increased with RGD density, though this trend was more pronounced for the soft fiber condition compared to the stiff fiber condition (Fig. 7A) . Most of the average bead displacements were relatively small (<0.5 mm), but those corresponding to the high RGD density, soft fiber condition exhibited a significantly greater average bead displacement (1.2 mm) relative to the low and medium RGD densities, soft fiber conditions (Fig. 7B) . Stiff fibers generally resulted in lower bead displacements in comparison to soft fibers, but no conclusions can be drawn on differences in cell traction forces between soft and stiff fibers.
Discussion
Matrix mechanics and adhesivity (i.e., incorporation of ligands for integrin binding) have been studied extensively in non-fibrous Fig. 4. (A) hMSC cell spread area after 24 h, quantified with TRITC-phalloidin staining and reported as normalized frequency (%) (n ¼ 100e120). (B) hMSC proliferation, as measured by quantification of nuclei, for 1, 7, or 14 days of culture in CMþ (n ¼ 4), with changes in fiber RGD density and modulus. Normalized proliferative index calculated as nuclei density at the specified time point normalized to the average nuclei density after one day of culture. * denotes statistical significance (p < 0.05).
settings, primarily via seeding of cells atop flat, two-dimensional substrates. In the case of cartilage, both of these variables have been shown to affect chondrocyte redifferentiation in a nonfibrous, three-dimensional context [41] . Specifically, chondrocytes that had dedifferentiated during expansion on TCPS exhibited enhanced redifferentiation when encapsulated within bulk hydrogels of lower RGD densities and lower equilibrium moduli. Moreover, the presence of RGD has been shown to negatively affect chondrogenesis of MSCs in bulk hydrogels [10, 16] . In contrast to these non-fibrous hydrogel systems, cartilage possesses a fibrillar structure with depth-dependent anisotropy, and thus fibrous scaffolds may be a more appropriate setting to investigate the effects of the microenvironment on MSC chondrogenesis. For these reasons, fibrous HA scaffolds were developed here as a system to investigate the effects of both mechanics and RGD density on MSC response, since we can controllably tune both parameters within fibers composed of a biologically relevant material.
Due to the high viscosity and surface tension of HA solutions, electrospinning of HA alone typically requires harsh solvents or complicated electro-blowing systems [42e44] . PEO was thus used as a carrier polymer to successfully and stably electrospin HA into fibrous scaffolds. Since HA is hydrophilic and was electrospun at a low molecular weight, it was necessary to crosslink prior to swelling to retain the fibrous nature. Crosslinking was achieved through a photoinitiated radical polymerization of methacrylates along the macromer backbone. The final crosslinking density was controlled through HA modification (35% versus 100%), corresponding to nearly an order of magnitude difference in postswelling single fiber bending moduli (1 GPa versus 8.6 GPa, respectively). Both the "soft" and "stiff" fiber populations swelled significantly (on average, the fiber diameters increased 3-and 4-fold relative to the dry state for 100% modified and 35% modified MeHA fibers, respectively). The moduli of both fiber conditions, while relatively high (in the GPa range), are comparable to values reported for single fibers of electrospun collagen, PLGA, and PCL [38,45e48] . The relatively high moduli may also be a result of the densely crosslinked nature of the HA macromer chains, since the fibers are crosslinked while dry. Furthermore, the moduli of both fibrous systems dropped significantly when measured in bulk instead of on the single fiber level, most likely due to the large amount of void space within the scaffold.
To ensure a similar initial cell density (i.e., the density of cells that adhered to the scaffold during overnight incubation) between groups, various cell seeding densities (i.e., the number of cells added to each well) were tested. The initial cell density was dependent on both the number of cells added to the scaffoldcontaining well and the RGD density; thus, hMSCs were seeded onto fibrous HA scaffolds at increasing initial cell densities for decreasing RGD densities. Throughout the 2 weeks of culture in CMþ, hMSCs responded to RGD density but were insensitive to the range of fiber mechanics investigated in terms of cell spreading, proliferation, cytoskeletal organization, and focal adhesion formation (Figs. 3e5) . The apparent lack of hMSC response (other than in gene expression profiles) between the two fiber mechanics groups may be due to the fibrous topography. Topography can have significant effects on hMSC response; fibrous PCL scaffolds were shown to enhance hMSC chondrogenesis in comparison to porous PCL scaffolds [23] , and nanoscale grooves and ridges have been shown to affect hMSC spreading and differentiation [49e51]. The fibrous architecture, in comparison to flat 2-dimensional surfaces [3] , may increase the ability of cells to spread and pull, even with softer matrices. Chondrogenesis is typically characterized by up-regulation of Type II collagen, aggrecan, and sox-9 and down-regulation of Type I collagen. Despite similarities in adhesion, spreading, and proliferation, the gene expression analysis presented here suggests that cells sense the difference in fiber mechanics, as the soft fiber condition generally promoted a greater degree of chondrogenesis. RGD density was a critical regulator of this lineage commitment, since statistically significant increases for all pro-chondrogenic genes were observed only at lower RGD densities. Type I collagen was more highly expressed with the stiffer fibers and higher RGD density conditions. These findings correlate well with previous studies performed with non-fibrous bulk hydrogels, with lower elastic moduli and lower RGD densities resulting in either improved hMSC chondrogenesis or chondrocyte redifferentiation [10, 41] .
Traction forces are another important indicator of how cells interact with their surrounding matrix. Cell-mediated traction forces correlate directly with cytoskeletal tension, which has been shown to regulate cellular functions ranging from proliferation to differentiation [52, 53] . A modified method from Ref. [54] was implemented to measure bead displacements and to obtain a relative measure of cell-mediated traction forces. For cells interacting with fibrous scaffolds, absolute traction forces are difficult to calculate since fibrous scaffolds are heterogeneous and nonuniform networks, complicating the correlation of bead displacement and force used in the aforementioned method. However, within a group of fibers of the same modulus, differences in bead displacements can be correlated with differences in traction forces. hMSCs interacting with MeHA fibers caused greater average bead displacements, and thus presumably traction forces, with increasing RGD densities. These differences were statistically significant for the soft fiber condition but not the stiff fiber condition, although the trend was still apparent in the latter case. Similarities in cell spreading and focal adhesion formation between the conditions suggest that cells on stiff fibers are exerting traction forces to some extent, but that the bead displacements are lower since the fiber moduli are greater.
Finally, the fibrous system developed here focuses on cell studies using hMSCs seeded on top of the material. Although this does constitute a quasi-3D system, as cells can extend into the underlying fibrous network, the cells are not completed embedded within a fibrous matrix, which may better mimic the natural presentation of the extracellular matrix in vivo. Additionally, the range of fiber mechanics studied may not have been great enough to influence changes in cell behavior in many of the metrics used in this work. Despite these limitations, this study presents a system with which to probe MSC interactions with fibrous materials.
Conclusions
This work demonstrates the processing of HA into fibrous hydrogels with tunable mechanics and adhesivity using an electrospinning process. Adhesivity had a strong influence on hMSC response, with higher RGD densities leading to increases in cell spreading, proliferation, and focal adhesion formation. Both parameters were found to influence hMSC chondrogenesis, as seen through gene expression profiles, potentially by differentially enabling cytoskeletal organization and the resulting ability of cells to exert tractions on the fibers. Given these findings, we believe that fibrous HA hydrogels are a promising alternative to non-fibrous hydrogels as a platform to study MSC chondrogenesis and for future cartilage regeneration strategies.
